The problem of how to effectively deliver light dynamically to a small volume inside turbid media has been intensively investigated for imaging and therapeutic purposes. Most recently, a new modality termed Time-Reversed Ultrasonically Encoded (TRUE) optical focusing was proposed by integrating the concepts of ultrasound modulation of diffused light with optical phase conjugation. In this work, the diffused photons that travel through the ultrasound focal region are "tagged" with a frequency shift due to the ultrasound modulation. Part of the tagged light is collected in reflection mode and transmitted to a photorefractive crystal, forming there a stationary hologram through interference with a coherent reference optical beam. The hologram is later read by a conjugated optical beam, generating a phase conjugated wavefront of the tagged light. It is conveyed back to the turbid medium in reflection mode, and eventually converges to the ultrasound focal zone. Optical focusing effects from this system are demonstrated experimentally in tissue-mimicking phantoms and ex vivo chicken breast tissue, achieving effective round-trip optical penetration pathlength (extinction coefficient multiplied by round-trip focusing depth) exceeding 160 and 100, respectively. Examples of imaging optical inclusions with this system are also reported.
INTRODUCTION
Light has been playing a more and more important role in biomedical sensing and disease treatment. Its usage, however, is inherently limited by the multiple scattering of light in tissue, resulting in a compromised spatial resolution at depths beyond one transport mean free path (typically ~ 1 mm in human skin) 1 (Fig. 1a) . Therefore, the problem of how to effectively deliver light dynamically to a small volume inside turbid media has been intensively investigated. One representative is wavefront shaping 2, 3 . In this technique, a spatial light modulator is used to adjust the relative phases of an incident beam's wavefront, and a closed-loop feedback method is used to maximize the resultant light intensity at a desired focal point inside or beyond a turbid medium (Fig. 1b) . For high quality focusing, however, this approach usually requires a large number of independently controllable segments on the spatial light modulator, causing an extensive amount of computation. Another promising approach is optical phase conjugation 4 that uses a phase conjugation mirror to generate a phase conjugated wavefront copy of the initial diffused light. Due to the reversibility of light propagation, the conjugated wavefront can travel back through the turbid medium, following the opposite direction of the initial light (Fig. 1c) .
However, since there is no internal source inside the turbid medium, the reversed light can only be focused again outside the turbid medium. This limitation hinders this approach from wide applications. If an ultrasound field is applied to modulate the propagation of diffused light inside the turbid medium, photons traversing the ultrasound focal region will be encoded with an ultrasonic frequency shift (Fig. 1d ) through the displacements of scatterers and the variation in the medium's index of refraction 5 . In this case, if the resultant diffused light is collected outside the turbid medium and sent to a phase conjugation mirror (PCM) that is only sensitive to the ultrasonically encoded light, the reversed conjugated light will travel back, although tortuously, to the ultrasound focus inside the turbid medium (Fig. 1e) . The ultrasound focus, in this sense, serves as a virtual internal source. The combination of ultrasound encoding with optical phase conjugation brings the invention of time-reversed ultrasonically-encoded (TRUE) optical focusing that was first published in early 2011 6 . The concept of TRUE optical focusing was first implemented in transmission mode 6, 7 , where light incidence and collection were on opposite sides of the turbid medium. Such an alignment may pose limitations on applications on medical imaging where transmitting illumination leads to an undesirable increase in operative optical penetration. To make this new technique more practical and convenient, we developed a reflection-mode TRUE optical focusing system 8, 9 , in which the optical input and output modules are installed on the same side of the experiment sample. The experimental setup is illustrated in Fig. 2 . As shown, the laser output from a 532 nm laser (Verdi V-10, Coherent) was split into three beams: signal beam (S), reference beam (R), and reading beam (R*). Within each system cycle (1 s), the reading beam was blocked during the first 190 ms by S 2 . The signal beam was expanded and illuminated the diffuse sample, inside which photons are multiply scattered and modulated by the ultrasound. The resultant scattered light, including both modulated and unmodulated portions, was collected in reflection mode using a large aperture (0.5 inch diameter), high NA (0.55) optical fiber bundle (OFB in Fig. 2 ), and was transmitted onto a photorefractive BSO crystal (PRC) that was used as a PCM. The signal beam interfered with the reference beam within the crystal, but the crystal was set to be only sensitive to the photons having the same frequency at f 0 , i.e. ultrasonically-encoded photons. In the subsequent reading stage from 190 ms, the signal beam and reference beam were both blocked, and the reading beam was now allowed to propagate along the opposite direction to the reference beam, generating a phase conjugated wavefront of S(f 0 ), S*(f 0 ). This reversed signal travelled back into the turbid medium, and eventually converged to the ultrasound focus. A photodiode (PD in Fig. 2 ) was used to record the signal back-scattered again from the ultrasound focus. In the study, the ultrasound field for modulation was 200 ms long
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Proc. of SPIE Vol. 8223 82231B-3 temporally, and 0.87 mm wide laterally at its focal waist. It had a central frequency of 3.5 MHz, and a peak-to-peak focal pressure of 1-1.33 MPa. To assure best acoustic impedance match along the acoustic path, the scattering medium, including both tissue-mimicking phantom and tissue, was sandwiched between two transparent gelatin gel layers in the Y direction as shown in Fig. 3 . Note that to embed the optical inhomogeneities at the central Y plane, the scattering medium was actually prepared as two layers in the Y direction before and after the inclusions. During the experiment, the sample was partially submerged in water in the Z direction, and the front surface of the turbid layer was denoted as Y = 0. Fig. 4(b) , which is defined as the TRUE signal in the study. For comparison, in Fig. 4(b) we include altogether three TRUE signals obtained with different reading beam intensities under the otherwise identical conditions. As we can see a stronger reading beam yields a higher amplitude for the peak, but a shorter duration due to the faster erasure of the hologram, which is determined by the physical properties of the photorefractive material 10 . To focus deeper into the turbid medium, stronger reading beam thereby is usually preferred. However, for the safety of the optical components, we use 900 mW/cm 2 for the reading beam in our study.
RESULTS AND DISCUSSION
Since the strength of ultrasound modulation and the amount of ultrasonically-encoded photons are both closely related with the optical properties within the ultrasound focus 5, [11] [12] [13] [14] , so is the amplitude of TRUE signal. Therefore, the amplitude information of TRUE can be used to infer the feasibility and efficiency of optical focusing in tissue-mimicking phantom 8 and tissue 9 . remained stationary, but the sample was scanned along the X direction at a step size of 0.127 mm. At each position, one TRUE signal was obtained and recorded as discussed in Fig. 4 . The resulting TRUE signal amplitude profile is shown (red squares) in Fig. 5(b) as a function of phantom position in the X direction. As we can see, the objects give lower TRUE signal amplitude than the background due to their higher absorption coefficients, i.e. weaker modulation depth as well as less ultrasonically-encoded photons. Moreover, the higher the object's absorption is (Obj 2), the lower the TRUE signal amplitude. Also, we are able to tell the exact position, and dimension of each object, which are very close to their actual values. A Gaussian fit (red curve) was applied to the measured data 6 , from which we conclude that the TRUE imaging has a spatial resolution of about 0.63 mm, approximating the ultrasound focal width (0.87 mm) divided by √2. It is so because the detected photons contributing to the TRUE response physically traverse the ultrasound focus twice. For comparison, we also include in Fig. 5(b) the distribution profiles of direct light intensity (DC, blue circles) detected after the crystal, and time-reversed signal intensity without ultrasound modulation (TRDC, green crosses). As we can see, both of them have broad resolutions, and lack the capability of resolving the three objects due to the light diffusion. We also explored experimentally in ex vivo chicken breast to further confirm the feasibility and efficiency of TRUE optical focusing in real biological tissue. Similar to phantom sample preparation, in Fig. 6(a) we show a cross-section that was respectively. To be noted that the top red rubber in Fig. 6 (b) was used to minimize the acoustic reflections from the gelatin-air and gelatin-acrylic interfaces. In the same way as for the phantom sample, this tissue sample was scanned along the X direction, such that we obtained a TRUE signal amplitude distribution as a function of tissue sample position (Fig.   6d) . From this profile, we are able to identify precisely the position and dimension of each object: Obj1 at X = 3.5 mm, about 0.75 mm wide, with a negative contrast (with respect to the background) of 32%; Obj2 at X = 9.6 mm, about 1.2 mm wide, with a negative contrast of 60%. The resultant spatial resolution told from the Gaussian fit is about 0.67 mm, very close to the value obtained in the phantom sample and the ultrasound focal width over square root of 2. This confirms that despite of the differences in optical and acoustic properties, TRUE optical focusing holds its validity in tissue as in phantom. That being said, we did observe differences regarding TRUE signal amplitude changes in phantom and in tissue when the ultrasound field was scanned along the Y direction as in Fig. 7(a) . We noticed that in chicken breast TRUE signal amplitude decays much faster than in the phantom (Fig. 7b ) with ultrasound focal depth in the scattering media.
Considering that photons experience round trips for both hologram writing and reading stages in the reflection mode, the TRUE signal decay rate per mm is 0.21 and 0.51, respectively, in the phantom and the tissue. These are actually fairly close to the effective attenuation coefficients of that type of phantom and tissue: phantom, is the parameter describing the fluence decay rate of diffused light, this agreement, once again, confirms that TRUE focused diffused, but not ballistic, photons back into the ultrasound focus. It also suggests that the ultimate limit for TRUE is determined by the effective attenuation coefficient, not scattering coefficient, of the medium, which means under an ideal situation TRUE is able to focus light into tissue or tissue-like media several centimeters deep. We should bear in mind, however, too high optical absorption will jeopardize the validity of the time reversal. With our current setup, the maximum optical penetration depth, defined by the product of medium diffusivity and focusing depth that is doubled, is 160 and 100, respectively, in the phantom and the chicken breast tissue. These are great improvements from previous maximum depth of 70 in phantom in transmission mode 7 .
SUMMARY AND FUTURE WORK
In summary, we developed a reflection-mode TRUE optical focusing system using a large aperture fiber bundle for efficient and convenient diffused light collection and transmission. We experimentally validated optical focusing in both phantom and ex vivo tissue, with the focusing resolution determined by the ultrasound focal width divided by square root of 2. Current setup enables us to improve the maximum optical penetration depth up to 160 and 100 in phantom and tissue, respectively. It should be mentioned that TRUE is still in its infancy with a lot more be done. For example, in the near future, the system will be transited to 1064 nm optical wavelength to focus even deeper into tissue benefitting from less optical effective attenuation coefficient of tissue (from 0.53/mm at 532 nm to 0.16/mm at 1064 nm) and higher laser ) can response faster under strong illumination, making the system potential to overcome the in vivo speckle decorrelation (1-10 kHz) from physiological motions. Another important aspect is to improve the time reversal efficiency, possibly with a gain larger than 1, i.e., the reversed signal even stronger than the initial encoded light. We believe, not far from now, TRUE optical focusing will find broad biomedicine applications such as, but not limited to, fluorescent excitation, photoacoustic excitation, photodynamic therapy, and optical manipulation.
